This paper reviews the application of MRI as a non -invasive technique for accessing temperature in thermal therapies. Two MR parameters, T1 relaxation and proton resonance frequency (PRF), have shown temperature sensitivity that is measurable with MRI. A third temperature dependent parameter associated with the self-diffusion of water, referred to as the apparent diffusion coefficient (ADC), is not intrinsic to nuclear magnetic resonance (NMR), but can be measured using MRI. These three parameters have been useful for quantitatively mapping temperature distributions in vivo. Each requires a tailored imaging technique. Each has pros and cons with regard to a given application. At this point in the development of MR image guided temperature mapping, the PRF shift technique is preferable, particularly with regard to non -invasive thermal ablation procedures. This approach has problems with stability and motion in procedures that require heating for extended time periods. Further development of MRI thermometry is required for long duration procedures.
INTRODUCTION
The use of magnetic resonance imaging (MRI) in thermal therapy has rapidly grown in the past decade and a half. The utilization is quite broad in scope including reports of using MRI for: tissue damage assessment'-'; blood flow and perfusion measurements8-10;
and therapy prognoses and outcome1-13. I mention these applications not as an exhaustive review, but to give some measure of the use of MRI in thermal therapy other than the application for non-invasive real -time thermometry. This paper will focus on progress in thermometry techniques.
Since MRI is a relatively new imaging modality there may be readers who have little or no exposure to nuclear magnetic resonance (NMR) and its application in imaging. Therefore, this review is divided into three major sections. The first concerns the basic physics of NMR. The second is related to using NMR for non -invasive imaging. The third concerns the thermally sensitive imaging techniques that have been developed and tried in ex vivo and /or in vivo applications. Initial efforts to use MRI for thermal therapy began in the early 1980s. There has been continued interest and development in this idea ever since. This review of that progress is clearly positive and points to accelerated development in the future.
The use of magnetic resonance imaging (MRI) in thermal therapy has rapidly grown in the past decade and a half. The utilization is quite broad in scope including reports of using MRI for: tissue damage assessment1'7; blood flow and perfusion measurements8'10; and therapy prognoses and outcome11'13. I mention these applications not as an exhaustive review, but to give some measure of the use of MRI in thermal therapy other than the application for non-invasive real-time thermometry. This paper will focus on progress in thermometry techniques.
Since MRI is a relatively new imaging modality there may be readers who have little or no exposure to nuclear magnetic resonance (NMR) and its application in imaging. Therefore, this review is divided into three major sections. The first concerns the basic physics of NMR. The second is related to using NMR for non-invasive imaging. The third concerns the thermally sensitive imaging techniques that have been developed and tried in ex vivo and/or in vivo applications. Initial efforts to use MRI for thermal therapy began in the early 1980s. There has been continued interest and development in this idea ever since. This review of that progress is clearly positive and points to accelerated development in the future.
Nuclear Magnetic Resonance (NMR)
Although NMR is fundamentally a quantum mechanical phenomenon, it is often intuitively described using a mixture of quantum and classical mechanics. This mixed model can be used to describe proton NMR that is primarily involved in magnetic resonance imaging of tissues. If a macroscopic sample of water is placed in a static external magnetic field, it becomes "magnetized ". This magnetization does not happen instantaneously. It requires some characteristic time T1 to reach an equilibriummagnetized state. The sources of this magnetization are the magnetic moments of hydrogen protons in the water molecules. This magnetic moment is a fundamental property of the proton. The origin of the proton magnetic moment (p.) can be classically modeled as a current loop with a magnitude equal to the current times the area of the loop (see Fig. 1 ).
=iTtr2 eql
This magnetic moment can be easily related to the angular momentum of the loop by considering a mass, mp, with charge, e, moving with angular momentum, mpVr . Thus, el µ 2m eq 2 where l is the angular momentum, and the direction of ill is the same as 1. Next we interject the quantum angular momentum for which we know the magnitude is l = h.Jl(1 + 1) ; where 12 is Planck's constant divided by 2n, and I can only have integer or half integer values. For the proton 1= 2 , therefore the magnitude of l = 12. In addition, quantum mechanics tells us that the direction of the quantum angular momentum cannot be known; we can only know the projection of the angular momentum along a given axis. In the case of the proton the projections are ±-. Also, since there are two possible projections for µ along any given direction, there are two energy states for protons in an external magnetic field.
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Although NMR is fundamentally a quantum mechanical phenomenon, it is often intuitively described using a mixture of quantum and classical mechanics. This mixed model can be used to describe proton NMR that is primarily involved in magnetic resonance imaging of tissues. If a macroscopic sample of water is placed in a static external magnetic field, it becomes "magnetized". This magnetization does not happen instantaneously. It requires some characteristic time T, to reach an equilibriummagnetized state. The sources of this magnetization are the magnetic moments of hydrogen protons in the water molecules. This magnetic moment is a fundamental property of the proton. The origin of the proton magnetic moment (p) can be classically modeled as a current loop with a magnitude equal to the current times the area of the loop (see Fig. 1 ).
This magnetic moment can be easily related to the angular momentum of the loop by considering a mass, mp, with charge, e+, moving with angular momentum, mpVr. Thus, el 2mp eq 2 where l is the angular momentum, and the direction of /I is the same as l. Next we interject the quantum angular momentum for which we know the magnitude is l = h«Jl(I +1) ; where tlis Planck's constant divided by 2ji, and / can only have . 1 integer or half integer values. For the proton /=-, therefore the magnitude of , V3 . I = ft. In addition, quantum mechanics tells us that the direction of the quantum angular momentum cannot be known; we can only know the projection of the angular h momentum along a given axis. In the case of the proton the projections are ±-. Also, since there are two possible projections for jil along any given direction, there are two energy states for protons in an external magnetic field.
Needless to say, when we use the known value for proton mass, charge, and angular momentum, the predicted magnitude of the magnetic moment does not agree with measurement. So a correction factor is assigned: eu-g2ml P where the g-factor is scaled such that agrees with measured values. This relationship is also written: = Y eq 3a eq 3b with y being defined as the gyromagnetic ratio, equal to 2.675 x 108 Hz per Tesla for protons.
The interaction of the proton magnetic moment with an external magnetic field, B , has energy given by: and a torque given by: eq 4a eq 4b
The first equation (4a) implies a lower energy state exists when the magnetic moment projection is aligned with the direction of the external magnetic field. The second equation implies that magnetic moment will precess around the direction defined by the magnetic field with angular frequency (D0 = yB. This is known as the "Larmor frequency ", which is in the radio frequency (RF) range for imaging applications.
As a two energy state system in thermal equilibrium, the ratio of magnetic moments aligned with the external B -field to moments aligned opposite to the B -field will be less than one from the where N is the number of proton per unit volume.
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Needless to say, when we use the known value for proton mass, charge, and angular momentum, the predicted magnitude of the magnetic moment does not agree with measurement. So a correction factor is assigned:
where the g-factor is scaled such that p agrees with measured values. This relationship is also written:
jl =yl eq 3b with y being defined as the gyromagnetic ratio, equal to 2.675 x 108 Hz per Tesla for protons.
The interaction of the proton magnetic moment with an external magnetic field, B , has energy given by:
and a torque given by:
The first equation (4a) implies a lower energy state exists when the magnetic moment projection is aligned with the direction of the external magnetic field. The second equation implies that magnetic moment will precess around the direction defined by the magnetic field with angular frequency 0)0 = This is known as the "Larmor frequency", which is in the radio frequency (RF) range for imaging applications.
As a two energy state system in thermal equilibrium, the ratio of magnetic moments aligned with the external B-field to moments aligned opposite to the B-field will be less than one from the
The bulk magnetization, M = jU, over all protons in a unit volume. Therefore in i thermal equilibrium:
where N is the number of proton per unit volume. where B0 is chosen to be along the z-axis B0 = B0Z . These equations have solutions of the form:
Mz(t) = Ma
which for eq. 9a implies that Mz = M0 as t -> 00.
Solutions for eqs 9b,9c are of the form:
( unpaired magnetic moments such as that found in paramagnetic materials. These fluctuations are temperature dependent as well: « srle-eikT where S is a geometric shape factor and 11 is the local viscosity. For tissues T1 at 1.5Tesla ranges from -0.2 -0.9 sec and T2 range from 40 -100 msec. Since the magnitude ofT2 is an order of magnitude less than T1, temperature changes can be more precisely measured using the T1 relaxation. The B1 field is rotating in the x,y plane at frequency co, and is assumed to be much smaller than BoZ (B,xy «BoZ). Using this total field in the Bloch equations yields In this semi -classical model, the magnetization Mo is initially aligned with the static magnetic field BoZ. The application of a weak, (B,(a)),s, « /30-i), rotating magnetic field in the xy plane exerts a torque Mo X BB(C0).47. However, for any co other than wo the torque will average to zero. When w = wo the angular relationship between Mo and B1(COo )xÿ remains fixed since Mo also presseses at frequency wo. Therefore, Mo X [B02 + Bi(COo)xy, will induce a precession about both magnetic fields. The resulting motion in the laboratory frame of reference describes Mo as spiraling down away from +2 towards -2 (see Fig, 3 ). The free induction signal can be associated with the coherent precession of the projection of proton magnetic moments in the transverse plane. That is, all protons are forced by the B1(C00)field to precess in phase. However, this coherent precession can not be sustained. Local field variations (i.e. the field at the location of a given proton) cause the coherent precession to dephase (see Fig. 5 ). The time constant TZ is a measure of the average time that the proton spins precesses in phase.
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Because the dephasing is associated with random and non -random variations of the local field, an interesting rephasing echo phenomenon can be observed in the induction signal. A second B1(C00) pulse of appropriate magnitude and duration can be used to flip the transverse plane of magnetization by 180 °. This flip will cause the reversal of the dephasing associated with the non -random variations in the local field and produce an echo signal. This can be understood if one observes the dephasing of the MQxy in the frame of reference rotating at frequency wo. In this view, protons in a relatively weaker field (CO < COo)will appear to precess counter clockwise relative to precession at CO, .
Protons located in relatively higher local fields will appear to precess clockwise with (CO > COO), thereby causing the vector sum of spin projection to decrease (Fig 5) . The 180° Blx,y pulse has the effect of reversing the direction of precession thereby causing the Moxy, magnetization to refocus and produce the echo signal (Fig.6 ). Because the dephasing is associated with random and non-random variations of the local field, an interesting rephasing echo phenomenon can be observed in the induction signal. A second 5, (ft)e) pulse of appropriate magnitude and duration can be used to flip the transverse plane of magnetization by 180°. This flip will cause the reversal of the dephasing associated with the non-random variations in the local field and produce an echo signal. This can be understood if one observes the dephasing of the Mjcy in the frame of reference rotating at frequency coa. In this view, protons in a relatively weaker field (ft) < (O0 ) will appear to precess counter clockwise relative to precession at (Og .
Protons located in relatively higher local fields will appear to precess clockwise with (ft) > 000 ), thereby causing the vector sum of spin projection to decrease (Fig 5) . The 180° Blx v pulse has the effect of reversing the direction of precession thereby causing the Mgxy magnetization to refocus and produce the echo signal (Fig.6 ). Adapting NMR to imaging requires the resonance excitation of a sub -volume of the object to be imaged and measuring the FID or spin echo signal. The signal emitted by the sub -volume will depend on the proton density and the relaxation times T, and T2. The local excitation can be accomplished by imposing a known spatial variation in the magnetization field Boi . This variation can be achieved by adding smaller magnetic fields along the z -axis that vary in magnitude as a function of position (x,y,z) in the image volume. These fields usually vary linearly with position and are referred to as gradient fields. With such fields superimposed on the Boi field each position in space will effectively have a different resonance frequency. In principle, one could selectively excite each voxel with the appropriate resonance frequency, measures the resultant signal, and assemble the spin density image. However, this approach is not practical with regard to the data acquisition time required. An alternative technique using time and spatially dependent gradient fields is much more efficient. A commonly used technique is illustrated in Fig. 8 Here a 2 -D slice of thickness Az is excited to resonance by applying a 90° RF pulse in the presence of the z-gradient field. The magnitude of the z gradient and the RF pulse -shape and bandwidth determine the slice thickness. Prior to decting the FID or spin echo signal, a y-gradient is applied for a time ty. This gradient advances the spin precession in proportion to the strength and time duration it has been applied. This is referred to as phase encoding of the signal. The FID or spin echo signal is acquired in the presence of the x-gradient. This encodes the signal frequency in the x-direction. If we consider the magnetization in the z -slice of the object, we can write an expression for the FID or echo signal:
where S(t), is the signal from the precessing magnetization m(x, y)Z in the slice location z.
We can define:
foG(z)dz We can easily identify that the double integral over x and y is the 2 -D Fourier transform of m(x,y) at time = t. Therefore, the inverse transform of the function S(kx(t),ky(t)) in cos(C9»t (t)) and sin(wm (t)) eq 19 These are referred to as the real and imaginary signals. The are independently reconstructed to form two images, also referred to as the real and imaginary images. As complex numbers these image data are displayed as amplitude, m(x, y) and phase, O(x, y) , images, with the amplitude image representing the imaged object:
1.3
Contrast in MRI
The MR image has intensity depending on the proton density and the 2, TZ relaxation time constants. The difference of these parameters in tissues is the source of image contrast. Also, the image acquisition technique can be manipulated to optimize the contrast. Figures (10a, 10b) illustrate how the timing in the acquisition pulse sequence can optimize the contrast for tissues that have different 7-;,T, values. The ability to manipulate image contrast in MRI is far superior to other imaging modalities. Contrast agents are also available for MRI. These agents often utilize paramagnet materials or nuclei with large magnetic moments that shorten the relaxation times to manipulate the MR signal contrast.
1.4
Temperature dependence in MRI
In the NMR review we noted that the bulk magnetization, Mo, and relaxation times 7, T2 , Ea were temperature dependent via the Boltzmann relation, e kT , where S0 is the activation 
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The MR image has intensity depending on the proton density and the Tx,^relaxation time constants. The difference of these parameters in tissues is the source of image contrast. Also, the image acquisition technique can be manipulated to optimize the contrast. Figures (10a, 10b) The ability to manipulate image contrast in MRI is far superior to other imaging modalities. Contrast agents are also available for MRI. These agents often utilize paramagnet materials or nuclei with large magnetic moments that shorten the relaxation times to manipulate the MR signal contrast.
Temperature dependence in MRI
In the NMR review we noted that the bulk magnetization, M0 and relaxation times 7j,72, The feasibility of using MRI for measuring temperature changes in water and blood was reported by Parker1s. This work demonstrated linear relationship between T, and temperature over the range of 1 to 48 °C in water. The achieved temperature resolution was on the order of 1 -2 °C. The data from blood suggest a change in activation energy at higher temperature as noted above.
Temperature measurements in vivo using T, changes were reported by Dickinson et.al. 16 A 27 MHz RF source was used for tissue heating. Parallel plate electrodes were used on rabbit thigh muscle and on the calf of one human volunteer. A simplified version of the saturation recovery sequence was used for MR imaging. The heating RF pulse was gated such that it was off during the image acquisition. A linear dependence on T, was observed in these experiments. Temperature resolution was on the order ofl -2 °C. In retrospect, this effort marked the beginning of a period of accelerated use of MRI for visualizing thermal energy distributions and thermal damage tissues.
The combined use of laser thermal ablation and MR T, and T2 weighted images was reported by Jolesz et.al.2. They reconfirmed the nonlinear response between temperature and these MR parameters. Furthermore, their visualization of the thermal distribution using MR was extremely useful for this invasive application. Similar results for ex vivo and in vivo tissues are reported for the combination of MRI with thermal ablation and cryo-ablation3. Hynynen et. al.4 applied this use of T1,T2 contrast to non-invasive thermal ablation using high-intensity focused ultrasound. This work demonstrated that a non -invasive energy source could be compatibly used in the MR scanner. It also showed that thermal ablation could visualized in vivo using T, or Tr weighted images, the latter being preferable.
A study for optimizing T, temperature contrast was made by Cline et.a112. This tested the feasibility of using a fast gradient echo sequence to capture the temperature distribution in tissue associated with a high-intensity (US) energy pulse. This work was done in ex vivo bovine muscle at temperatures below 40 °C. The T, temperature sensitivity was found to be -1.4% per °C in this range. This temperature sensitivity was used to establish an optimized contrast vs. temperature relation. This in turn was used in with fast gradient echo imaging technique (TE = 3.4msec., TR =10.6 msec.) to measure the temperature 414 / Critical Reviews Vol. CR75 energy governing the parameter over some temperature range. In the case of the bulk magnetization, Ma, the activation energy is h(00. For a magnet of 1.5 Tesla tU00 « kT and j q-7 Joule Therefore one would need an extremely dT °K m^Tesla precise measurement technique to use this parameter to detect temperature from the MR signal. Of these three MR parameters, T, is the best candidate. In 1980, Lewa and Majewska14 measured T, temperature dependence animal and human tissues (liver, spleen, heart, lung, and tumor) using a NMR spectrometer. They reported £a values of 0.06eV to 0.09eV for the temperature range of 10-40°C. This implies: _j dT ' °K (i.e. about a 1% change in Tj per °C). They also found that Tj had an irreversible temperature dependence if the samples were heated above a maximum temperature of ~ 40°C. Above this threshold, the activation energies changed by factors of 2 to 3, depending on the tissue type. They associated this effect with protein denaturation. This work demonstrated that a non-invasive energy source could be compatibly used in the MR scanner. It also showed that thermal ablation could visualized in vivo using T, or T2-weighted images, the latter being preferable.
A study for optimizing T, temperature contrast was made by Cline et.al17. This tested the feasibility of using a fast gradient echo sequence to capture the temperature distribution in tissue associated with a high-intensity (US) energy pulse. This work was done in ex vivo bovine muscle at temperatures below 40°C. The T, temperature sensitivity was found to be -1.4% per °C in this range. This temperature sensitivity was used to establish an optimized contrast vs. temperature relation. This in turn was used in with fast gradient echo imaging technique (TE = 3.4msec., TR=10.6 msec.) to measure the temperature distribution in the US focus. This demonstration of using T,-thermometry to both visually identify and quantify a temperature distribution was an important step in the development of image guided MR thermal ablation.
The use of T, T2 MR weighted images for thermal therapy has limitations when quantitatively tracking temperature or temperature changes. This is because different tissues have different activation energies, which imply different temperature responses for different tissues. In addition, higher temperatures (> 40 °C) cause irreversible changes in the tissues thereby confounding the temperature data.
Proton Resonance Frequency Shift (PRFS)
For a given proton, the resonance frequency is determined by the local magnetic field. In the case of water two protons share electrons with the oxygen atom. The electron has a large magnetic moment (-2000 x mp ). In addition, the orbiting electrons will react to the external Bo field and shield the proton such that the field at the location of the proton is reduced. The screening effect in the water molecule is spatially average due to thermal motion of the molecule. Therefore, the water resonance frequency is temperature dependent. The temperature coefficient has been measured to be: k -0.01ppm (partsper-million). For example, the resonance frequency of water in a 1.5 Tesla field is 64x106 Hz. Therefore, at this field strength, the frequency will change by 0.64 Hz /°K. It may seem that a measurement of such a small frequency change is not practical. However, the MRI scanner is ideally suited to make phase measurements with high precision. The quadrature detection system used to demodulate the RF signal is a high -precision, phase-sensitive detector, limited only by the accuracy of the RF source and signal noise. Therefore, small changes in the resonance signal will result in phase offsets in the phase data, 0(x, y) of the reconstructed complex MR image (see section 2) . This technique was proposed and implemented by De Poorter18 and Ishihara19 Measuring the phase offsets requires no special pulse sequences or hardware. Typically a gradient echo sequence is used (Figl1) . Temperature change information is accumulated in the phase term of the reconstructed real and imaginary images. In practice, the measurement is made by first acquiring a baseline image of the object that has some equilibrium temperature distribution. The baseline phase data, (10,y),,,, are subtracted from phase data, 0(x, y),, acquired in subsequent images having differing temperature distributions. The phase difference can be related to temperature by: The phase difference is proportional to the echo time, TE, since the phase difference accumulates linearly with time. The pulse sequence parameters can be tailored to the particular application. The optimization of the gradient echo pulse sequence for thermal ablation using high intensity US was reported by Chung20.
The PRFS technique has been shown in vitro to have a sensitivity of 0.007-0.009ppm, and a linear relation with temperature in tissue up to 50 °C21. The temperature sensitivity in a water -based gel phantom was measured by McFall et.al 22 to be 0.0095ppm with resolution of -0.2 °C in region of interest (ROI) volumes of 0.5 cm3 . In the same report, the in vivo sensitivity of canine tissues (muscle, brain and tumor (sarcoma)) was found to be -0.007 ±.0005ppm, which is consistent with the in vitro results. The in vivo temperature and spatial resolution achieved was --0.6 °C in 0.16 cm3.
The above in vivo results were obtained with temperature exposures less than 50 °C that lasted for time periods of an hour or more using a RF phase array heating device. The temperature tracking was reversible in this range(see Fig 12) . Similar data have been obtained using focused US heating. Hynynen et.al7 used the PRFS technique to measure in vivo temperatures in the focal zone of 1.5 MHz US transducer. They were able to track the temperature evolution in time. Tissue damage was correlated US intensity and temperature.
Another recent iv vivo application was reported by Smith23. This work used the PRFS technique to mapped temperature distributions associated with an intracavity US array. This device was designed to heat the human prostate via the rectum. They concluded that this technique should be feasible for human procedures.
Carter et. al reported a clinical investigation of the feasibility of using PRFS thermometry in human subjects24. Five patients having high -grade sarcoma in the lower extremity were administered hyperthermia while PRFS images were simultaneously acquired.
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A (j)(x,y)n = 2nka>0TEAT eq 20
The phase difference is proportional to the echo time, TE, since the phase difference accumulates linearly with time. The pulse sequence parameters can be tailored to the particular application. The optimization of the gradient echo pulse sequence for thermal ablation using high intensity US was reported by Chung20. The above in vivo results were obtained with temperature exposures less than 50°C that lasted for time periods of an hour or more using a RF phase array heating device. The temperature tracking was reversible in this range(see Fig 12) . Another recent iv vivo application was reported by Smith23. This work used the PRFS technique to mapped temperature distributions associated with an intracavity US array. This device was designed to heat the human prostate via the rectum. They concluded that this technique should be feasible for human procedures.
The PRFS technique has been shown in vitro
Carter et. al reported a clinical investigation of the feasibility of using PRFS thermometry in human subjects24. Five patients having high-grade sarcoma in the lower extremity were administered hyperthermia while PRFS images were simultaneously acquired.
Therapy was delivered with a RF phased array. Invasive temperature measurements were made with fiberoptic temperature probes. Correlation among the invasive probe measurements and PRFS phase changes were made using a linear regression model. These data yield a sensitivity factor of k= 0.012ppm, and temperature resolution of ±0.9 °C in a 1 Cm3 voxel. The temperature images were better on some subjects and worse on others. In some cases the resolution was on the order of 0.5 °C per 1 Cm3 voxel. The variation can be associated with subject motion and MR system stability.
The PRFS technique is the method of choice for MR thermometry at this time. It works well in phantom and ex vivo applications. However, it has some important limitations that will impede some applications. Since the voxel phase assignment comes from the field gradients, Gy -x and Gy -y, object movement relative to the gradient fields will change (¢(x,y). Therefore, gross motion invalidates the reference or baseline image.
Small motions or tissue displacements can introduce large errors in the difference images. The net result is that the resolution in vivo is generally a factor of 3 times worse than that obtained ex vivo or in a phantom. Also, the stability of Bo and associated shim currents produce significant phase drifts in the data. These problems are more severe for procedures that require measurements over extended time periods (30 -60 min). The impact on procedures that involve rapid temperature elevations for short times is less sensitive to drift and motion problems. Throughout an MR image acquisition sequence, water molecules are diffusing from one voxel to another. Therefore, there is some random mixing of the phase encoded protons due to this diffusion. However, since the encoding gradients are relatively weak, the intervoxel mixing of protons has a small attenuation effect on the resonance signal Therapy was delivered with a RF phased array. Invasive temperature measurements were made with fiberoptic temperature probes. Correlation among the invasive probe measurements and PRFS phase changes were made using a linear regression model. These data yield a sensitivity factor of k=0.012ppm, and temperature resolution of ±0.9°C in a 1 cm3 voxel. The temperature images were better on some subjects and 3 worse on others. In some cases the resolution was on the order of 0.5 C per 1 cm voxel.
The variation can be associated with subject motion and MR system stability.
The PRFS technique is the method of choice for MR thermometry at this time. It works well in phantom and ex vivo applications. However, it has some important limitations that will impede some applications. Since the voxel phase assignment comes from the field gradients, Gy-x and Gy-y, object movement relative to the gradient fields will change <|>(x,y). Therefore, gross motion invalidates the reference or baseline image. Small motions or tissue displacements can introduce large errors in the difference images. The net result is that the resolution in vivo is generally a factor of 3 times worse than that obtained ex vivo or in a phantom. Also, the stability of B0 and associated shim currents produce significant phase drifts in the data. These problems are more severe for procedures that require measurements over extended time periods (30-60 min). The impact on procedures that involve rapid temperature elevations for short times is less sensitive to drift and motion problems. Throughout an MR image acquisition sequence, water molecules are diffusing from one voxel to another. Therefore, there is some random mixing of the phase encoded protons due to this diffusion. However, since the encoding gradients are relatively weak, the intervoxel mixing of protons has a small attenuation effect on the resonance signal relative to a signal in which all the protons remain stationary within the voxels. Clearly this effect is proportional to strength, the duration of the gradient, and how rapidly the protons diffuse. The amount of diffusion mixing can be measured in a clever way by applying two large but short -duration gradients along some direction of interest. These gradients are of the same strength and duration but opposite in sign. They are also separated by time interval At. The effect of these gradients will cancel for protons that remain stationary in space since the phase advance produced by first gradient will be reversed by the second gradient. Their contribution to the signal will remain the same.
Protons that have migrated to different locations along the direction of the applied gradient will have phase offsets proportional to the diffusion -distance traveled in the time At. These diffusing protons will be out of phase with the local stationary protons. Because the protons have an encoded large phase shift due to the large gradients, these protons will not add to the coherent refocused signal, and the signal received will be decreased relative to that obtained without additional diffusion gradients. Since this mixing is a random process proportional to gradient strength, duration, and the diffusion constant, the signal attenuation will be:
where:
For a spin echo signal acquisition (see Fig -13 ): b = (7GS)2 (0 -35) 27
T.
G G Fig. 13 : Spin -echo sequence with diffusion gradients symmetrically applied before and after the 180° RF pulse eq 22a eq 22b
The use of diffusion imaging for non-invasive thermometry was proposed by Le Bihan in 198926. Delannoy et.a128 demonstrated that diffusion imaging could used to measure temperature in a water -based gel phantom with a temperature resolution of -0.5°C.
Additionally, they accomplished this using a clinically relevant RF phased array heating device. The heating was gated so that the RF power was off during image acquisitions. In a highly controlled phantom experiment, Zhang et. a1.29 demonstrated that diffusion thermometry could give temperature resolution of 0.2 °C in. 0.3cm3 voxels.
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relative to a signal in which all the protons remain stationary within the voxels. Clearly this effect is proportional to strength, the duration of the gradient, and how rapidly the protons diffuse. The amount of diffusion mixing can be measured in a clever way by applying two large but short-duration gradients along some direction of interest. These gradients are of the same strength and duration but opposite in sign. They are also separated by time interval At. The effect of these gradients will cancel for protons that remain stationary in space since the phase advance produced by first gradient will be reversed by the second gradient. Their contribution to the signal will remain the same. Protons that have migrated to different locations along the direction of the applied gradient will have phase offsets proportional to the diffusion-distance traveled in the time At. These diffusing protons will be out of phase with the local stationary protons.
Because the protons have an encoded large phase shift due to the large gradients, these protons will not add to the coherent refocused signal, and the signal received will be decreased relative to that obtained without additional diffusion gradients. Since this mixing is a random process proportional to gradient strength, duration, and the diffusion constant, the signal attenuation will be: Unfortunately, in vivo results were not as impressive. Diffusion imaging is exquisitely sensitive to object motion during the image acquisition. This is not a surprise since the objective is to measure the effects of molecular motion. Therefore a standard spin echo pulse sequence such as that in Fig.13 is completely inadequate for in vivo applications.
Experiments in vivo using a single shot echo -planar imaging technique (see Fig.13 These experiments were performed in the canine brain of normal animals. The animals were anaestitzed though out the heating procedure. A RF phased array was used to induce whole body hyperthermia. The imaging was cardiac gated to minimize pulsitile motion in the brain during the image acquisition. As whole body temperature approached 42 °C, panting occurred and the dogs were paralyzed with atracurium to control breathing motion as well. Under these conditions, temperature resolution of 0.9 °C in 0.89 cm3 was 2 MM achieved. The measured sensitivity was 0.02 with ea = 0.23eV.
sec °C
More recently, improvements in hardware and software have produced higher and faster gradient fields and reductions in susceptibility artifacts. Thus, echo planar imaging has significantly improved as well. Using fast high -field gradients, MacFall et. al. examined the effect of tissue anisotropy on the temperature sensitivity of (ADC)31. This was done in vivo in the canine brain. The results show that although the ADC varies in the anisotropic white matter, the sensitivity to temperature remained the same (-2.5 % / °C).
To date there has not been a report of using the ADC technique in a clinical therapy application.
Summary
We have reviewed the feasibility for using MRI as a means for non -invasively accessing temperature in thermal therapies. Four temperature sensitive parameters have been found useful for this application. The Ti, T2 relaxation times are temperature dependent. However, they both suffer from irreversible effects with regard to tracking temperature above certain temperature thresholds. This does not a totally negate the use of these Unfortunately, in vivo results were not as impressive. Diffusion imaging is exquisitely sensitive to object motion during the image acquisition. This is not a surprise since the objective is to measure the effects of molecular motion. Therefore a standard spin echo pulse sequence such as that in Fig. 13 is completely inadequate for in vivo applications. Experiments in vivo using a single shot echo-planar imaging technique (see Fig. 13 
We have reviewed the feasibility for using MRI as a means for non-invasively accessing temperature in thermal therapies. Four temperature sensitive parameters have been found useful for this application. The T,, T2 relaxation times are temperature dependent. However, they both suffer from irreversible effects with regard to tracking temperature above certain temperature thresholds. This does not a totally negate the use of these relaxation parameters because these irreversible effects provide image contrast indicative of tissue damage. This is extremely useful for treatment assessment.
The diffusion weighted technique has a high temperature sensitivity coefficient of One might question the need for quantitative non -invasive measurements of temperature for thermal therapy, particularly with regard to ablative therapies. It may well be possible, for minimally invasive procedures, to incorporate sensors in heating devices such that invasively measured temperatures together with thermal modeling will be sufficient for safe and effective delivery of therapy. However, for non -invasive applications, non-invasive temperature measurements will be necessary. Also, for successful therapy, the measurements will have to be adequate to quantify the thermal dose delivered. Therefore, MRI will play a large role in the future of thermal therapeutic One might question the need for quantitative non-invasive measurements of temperature for thermal therapy, particularly with regard to ablative therapies. It may well be possible, for minimally invasive procedures, to incorporate sensors in heating devices such that invasively measured temperatures together with thermal modeling will be sufficient for safe and effective delivery of therapy. However, for non-invasive applications, non-invasive temperature measurements will be necessary. Also, for successful therapy, the measurements will have to be adequate to quantify the thermal dose delivered. Therefore, MRI will play a large role in the future of thermal therapeutic applications.
